Abstract-Cancers of the pancreas have the poorest prognosis among all cancers, as many tumors are not detected until surgery is no longer a viable option. Surgical viability is typically determined via endoscopic ultrasound imaging. However, many patients who may be eligible for resection are not offered surgery due to diagnostic challenges in determining vascular or lymphatic invasion. In this paper, we describe the development of a dual-frequency piezoelectric transducer for rotational endoscopic imaging designed to transmit at 4 MHz and receive at 20 MHz in order to image microbubble-specific superharmonic signals. Imaging performance is assessed in a tissue-mimicking phantom at depths from 1 cm [contrast-to-tissue ratio (CTR) = 21.6 dB] to 2.5 cm (CTR = 11.4 dB), in ex vivo porcine vessels, and in vivo in a rodent. The prototyped 1.1-mm aperture transducer demonstrates contrast-specific imaging of microbubbles in a 200-µm-diameter tube through the wall of a 1-cm-diameter porcine artery, suggesting such a device may enable direct visualization of small vessels from within the lumen of larger vessels such as the portal vein or superior mesenteric vein.
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I. INTRODUCTION
C ANCERS OF the pancreas occur at a rate of 4.1 new cases per 100 000 individuals per year, although the rate is much higher in some countries, including approximately twice as high in the U.S. [1] . The 5-year survival rate is just 7.7%, primarily because at the time of presentation, 85%-90% of pancreatic tumors are inoperable due to tumor vascular invasion [1] . Patients commonly present with nonspecific symptoms such as pain, weight loss, and jaundice [2] , with imaging required to arrive at a diagnosis.
Initial imaging is typically performed with either transabdominal ultrasound (patients with jaundice) or computed tomography (CT, patients with epigastric pain and weight loss) [2] . If a pancreatic lesion is found, either endoscopic ultrasound (EUS) or CT is used to determine the level of vascular and lymphatic involvement and assess tumor resectability. Endoscopic ultrasound provides direct visualization of the interface between the tumor and the vessel wall [3] and is more sensitive than CT for detecting vascular invasion of the portal and splenic veins [4] , [5] . However, conventional EUS is limited by low specificity, particularly in assessing arterial invasion [6] and in patients with inflammatory lesions [3] . In the case where a pancreatic tumor is found and appears to be contiguous with a major vessel, additional minimally-invasive ultrasound imaging can be performed with a smaller, intravascular ultrasound (IVUS) transducer to distinguish between vascular invasion and a tumor positioned adjacent to the vessel [3] , [7] .
A retroactive review of 9500 patients in the U.S. (1995) (1996) (1997) (1998) (1999) (2000) (2001) (2002) (2003) (2004) found that 38.2% of eligible patients were not offered surgical resection, and an additional 13.5% of patients did not undergo surgery for "unknown reasons" [8] . If fewer than 50% of eligible patients actually undergo surgery using conventional approaches for imaging and staging, alternative imaging techniques capable of directly visualizing tumor and healthy vasculature (especially arterial) without the confounding effect of inflammatory lesions may increase the number of patients with resectable tumors who undergo surgery.
Contrast-enhanced endoscopic ultrasound (CE-EUS) imaging has recently been proposed as an approach which allows improved visualization of vascular involvement and improved staging [9] , [10] . By using contrast-specific imaging modes (i.e., pulse inversion or amplitude modulation [11] ), images of vasculature can be formed using the systems and probes that are already utilized clinically for endoscopic ultrasound imaging. These studies have indicated an improved ability to distinguish between invasive tumor and inflammation (i.e., pancreatitis) and improved diagnostic accuracy in evaluating pancreatic pathologies [10] , [12] , [13] . While these results are very encouraging, CE-EUS imaging typically has limited resolution due to operating at frequencies < 10 MHz and also suffers from tissue artifacts due to vessel walls, which produce nonlinear reflections that are incompletely canceled by contrast-specific imaging techniques such as pulse inversion [14] , [15] .
Alternatively, utilizing a dual-frequency approach to contrast imaging can provide higher resolution imaging (up to 100 μm) while greatly reducing tissue artifacts [16] . Briefly, by transmitting at a lower frequency (< 6 MHz) and receiving at much higher frequencies (≥ 20 MHz), images can be formed from microbubble-specific signals having amplitudes many times higher than tissue signals [17] , [18] . These "superharmonic" or "acoustic angiography" images of microvasculature have contrast-to-tissue ratios (CTRs) of ∼25 dB [16] , [19] , [20] and can be used to quantify vascular characteristics in developing tumors [21] - [26] . We have also recently demonstrated the ability to use superharmonic signals to perform high-resolution functional imaging, including molecular imaging [27] , [28] and perfusion imaging [29] .
The primary technical challenge for microbubble superharmonic imaging is the requirement for a transducer capable of transmitting at a lower frequency and receiving at a much higher frequency. While commercial transducers do not have the necessary bandwidth for receiving echoes at frequencies 3-5 times higher than the transmitted frequency, several groups have presented designs for transducers capable of operating at two frequencies for contrast imaging. Some designs for contrast imaging have interleaved elements at different frequencies in the azimuthal direction [30] , while others have stacked elements of different frequencies in the elevation direction [31] , [32] . Another approach for dualfrequency ultrasound probe design is to stack elements in the direction of propagation with an intervening layer to isolate acoustic reflections between low-and high-frequency elements [33] .
In developing dual-frequency transducers for contrast imaging, our group has pursued a hybrid approach with stacked low-and high-frequency elements separated by an isolation layer to ensure a common focus, as well as additional area in the elevation direction for low-frequency elements to ensure sufficient acoustic pressures. This design utilizes a frequency-selective isolation layer (FSIL), a quarter wavelength impedance transformer that functions as an acoustic filter permitting forward propagation of low-frequency waves while preventing high-frequency waves from propagating backward into the low-frequency element [34] , [35] . Using this design, we have previously developed single element IVUS transducers operating at 6.5 and 30 MHz. Several other dualfrequency transducers for contrast imaging have also been developed by our group and by others [21] , [31] , [35] - [41] . In other applications, multiple frequency transducers have been developed for tissue harmonic imaging using two piezoelectric layers which can be operated either in phase or 180°o ut of phase [42] , [43] , combined imaging-therapy transducers [44] - [49] , or transducers designed for pushing and tracking in acoustic radiation force impulse imaging [50] , [51] .
Alternatively, others have presented transducers with extremely broad bandwidths in order to span both the low-frequency (excitatory) and high-frequency (receiving) regimes. Potential options for achieving necessary bandwidth include microfabricated piezoelectric composite materials [52] , [53] and capacitive micromachined ultrasound transducers (CMUTs), which have exhibited −6-dB fractional bandwidths > 75% and > 100%, respectively [54] . While contrast imaging with CMUTs is challenging due to their inherent nonlinear operation, recently pulse sequences have been developed for nondestructive contrast-specific imaging [55] - [57] .
In this paper, we describe the first dual-frequency endoscopic transducer with special design factors (lateral dimension and resonance mode coupling) considering anatomically imposed spatial limitations, which could provide highresolution imaging of vascular integration without artifacts from vessel walls or inflammatory lesions, and which may in turn improve patient classification and increase the number of patients offered surgery.
II. METHODS

A. Transducer Design and Fabrication
Based on previous experiments investigating the frequency dependence of microbubble superharmonic signals, it is known that the sensitivity increases with decreasing frequency [16] . However, in order to maintain adequate resolution (∼1 mm for vascular imaging), the receiving frequency must be sufficiently high (λ ≈ 100 μm). As a compromise between sensitivity and resolution, a design with a transmit frequency of 4 MHz and a receive frequency of 20 MHz was pursued. For this project, a transducer having a 1.2-mm aperture was designed in order to be able to perform both endoscopic ultrasound imaging and imaging within large vessels (e.g., portal and superior mesenteric veins via the minimally invasive transhepatic procedure [7] ). The mean diameters of the adult portal vein and superior mesenteric veins are 10.4 ± 1.6 mm and 8.1 ± 1.2 mm, respectively [58] , allowing the designed transducer to easily traverse and image from within these primary vessels as well as intraoperatively from smaller branches (e.g., superior pancreaticoduodenal veins, diameter: 2.1 ± 0.6 mm [59] ).
The designed acoustic stack consisted of a rear transmitting element comprised of PZT-5H 1-3 composite (volume fraction: 60%, Blatek, Inc., State College, PA, USA). PZT-5H ceramic (CTS 3203HD, CTS Corporation, Elkhart, IN, USA) was used for the high-frequency (receiving) element. For each transducer, low-and high-frequency elements were acoustically separated by a FSIL [33] . Briefly, for the transducer described in this paper, after the frequencies of the two elements were determined based on the application, the material for the FSIL (Al 2 O 3 /Epotek 301 epoxy, Epoxy Technology, Inc., Billerica, MA, USA, volume fraction: 25% Al 2 O 3 , particle size 0.3 μm [60] ) with known properties (Table I) was selected, and the thickness was then varied Table I. using Krimholtz-Leedom-Matthaei (KLM) model simulations (BioSono KLM 2.0, Fremont, CA, USA) [61] , [62] . The entire stack was modeled for the high-frequency element and the central section only was modeled for the low-frequency element. Matching layers for both low-and high-frequency elements consisted of aluminum oxide/epoxy bond mixture (acoustic impedance 5.6 MRayl [60] ) and were lapped to the desired thicknesses. Ti/Au was deposited between all layers (including above and below the nonconductive FSIL) to form electrical connections. A light epoxy only backing (Epotek 301) was applied to the transmit element to ensure high transmitting sensitivity. The backing fills a semicylindrical volume behind the acoustic stack and has a radius of approximately 0.5 mm. Layered structures varied in length in the elevation direction in order to create exposed surfaces for electrical connections ( Fig. 1(A) , back edge). Cables (40232-001, 50 , 38 AWG, Hitachi Cable America, Manchester, NH, USA) were attached by hand to both low-and high-frequency elements under magnification using conductive epoxy (E-solder 3022, Von Roll Isola, Inc., New Haven, CT, USA). The completed transducer was mounted on a polyimide tube (20 AWG) and coated with a layer of parylene to provide protection from the external environment. The designed acoustic stack is shown in Fig. 1 .
B. Testing and Characterization
Prototyped transducers were inspected under a microscope to determine the thickness and uniformity of layers (Fig. 2 ). An impedance analyzer was used to determine electrical impedance at resonance (Agilent 4294A, Santa Clara, CA, USA). Pulse-echo testing was performed individually on low-and high-frequency elements using a pulser-receiver (Panametrics 5900PR, Waltham, MA, USA) to acquire echoes from a planar aluminum reflector. Insertion loss was measured by transmitting a 5-cycle pulse into a planar aluminum reflector with a 50-load applied to the waveform generator (AFG3101, Tektronix, Inc., Beaverton, OR, USA). Next, a calibrated hydrophone (ONDA HNA-0400, Sunnyvale, CA, USA) was used to determine the peak negative transmit pressure and to map the transmitted acoustic pressure field for both elements.
C. Phantom Imaging
Imaging performance was tested using a prototype system in which the catheter-based transducer is mounted on a stepper motor to rotate the transducer through 360°with an angular step size of 0.9°. Rotation was controlled with a programmable microcontroller at a pulse repetition frequency of 100 Hz. A three-axis computer-controlled motion stage (Newport XPS, Irvine, CA, USA) translates the transducer in the elevation direction to enable 3-D imaging [63] . The transducer was excited using a 4-MHz Gaussian-windowed sinusoid [19] (AFG3101) and a 60-dB radio frequency amplifier (A-500, Electronic Navigation Industries, Rochester, NY, USA). 3-D volumes of imaging data were acquired by performing pullback imaging in tissue-mimicking phantoms and in an ex vivo porcine artery. A custom tissue-mimicking phantom was fabricated (α = 0.4 dB/cm/MHz) [64] with channels having diameters of 4.0 and 1.0 mm in order to assess the ability to accurately image small channels. Images were acquired before and after filling the channels with 10 8 microbubbles/ml. Imaging experiments were performed at mechanical indices of 0.45 (4 MHz) and 0.29 (20-MHz B-mode). A second phantom was fabricated with the same attenuation having wall-less 1.8-mm-diameter channels for microbubbles at depths of 1.0, 1.5, 2.0, and 2.5 cm. B-mode and dual-frequency mode imaging volumes were acquired in succession before and after filling the channels with 10 8 microbubbles/ml. Each acquisition consisted of 50 scans with a step size of 100 μm in the elevation direction and an angular step size of 0.9°.
D. Ex Vivo Artery Imaging
In order to evaluate imaging performance in a scenario that more closely mimics the in vivo case, a splenic artery was obtained from a recently euthanized pig. A 200-μm-inner diameter cellulose tube was positioned adjacent to the adventitial surface of the ex vivo porcine artery. The artery was held under physiological tension using a custom holding apparatus. The entire setup was submerged in phosphate-buffered saline. A 4-mm-long section of artery was imaged first in B-mode (20 MHz), then the tube was filled with 10 8 microbubbles/ml and imaged again in dual-frequency mode (Tx 4 MHz, Rx 20 MHz). Angular step size was 0.9°with a step size of 100 μm in the elevation direction for both scans. RF data were filtered using a fourth order Butterworth bandpass filter (17-25 MHz) and envelope-detected in MATLAB. Acquired B-mode images (gross vascular anatomy) and dual-frequency images (contrast-specific) were combined to form a single 3-D data set (ImageJ, NIH, Bethesda, MD, USA).
E. In Vivo Imaging
Transducer dual-frequency imaging performance was tested by performing transcutaneous imaging in a rodent with a subcutaneous tumor. Briefly, a 1-mm-diameter piece of fibrosarcoma tumor (FSA) was implanted subcutaneously in the flank of a Fischer 344 rat as previously described [65] . Imaging was performed two weeks after implantation when the tumor was 13.2 mm in diameter. The prototype transducer was mounted on a translational motion stage (Newport XPS, Irvine, CA, USA) and a custom program was used to scan the transducer in both the lateral and elevational directions in order to acquire a 3-D imaging data set (LabView, NI, Austin, TX, USA). Imaging was performed under anesthesia via vaporized isoflurane and oxygen; contrast agents were injected using a 24 gauge catheter inserted into a tail vein. Fur was removed by shaving and depilation. The center of the transducer was positioned on the center of the tumor and coupled to the animal with ultrasound gel. Microbubbles (10 8 microbubbles/ml) were infused at a rate of 30 μl/min using an infusion pump (Harvard Apparatus PHD2000, Holliston, MA, USA). Acquisition time was approximately 4 min for a 5 mm × 5 mm scan region with a step size of 167 μm in both directions. All animal experiments were performed in accordance with the Institutional Animal Care and Use Committee of The University of North Carolina at Chapel Hill. Following image acquisition using the prototype transducer presented in this paper, the animal was imaged a second time using a large mechanically steered dual-frequency transducer (14-mm diameter, 4/30 MHz, 12.7-mm focus) described previously [36] for comparison.
III. RESULTS
A. Modeling
Results of KLM simulations are shown in Fig. 3(A) and (B) . 
B. Transducer Testing and Characterization
In pulse-echo testing, measured bandwidths were 71% (4 MHz) and 55% (20 MHz) (Fig. 3(C) and (D) and Table II) . Potential sources of discrepancy between measured acoustic characteristics in simulated and fabricated transducers include fabrication error (microscale thickness control), wire attachment, and a round-shaped light backing. The 1D KLM model cannot simulate the variation in the elevation direction, where only the center layer is covered by the FSIL and highfrequency element, which could account for the measured bandwidth exceeding the simulated bandwidth. This model also cannot simulate the variation in thickness of the backing in the lateral direction due to the curved surface of the catheter. In hydrophone testing, a peak negative pressure of 1.38 MPa at 4 MHz (MI = 0.69) was measured in water, more than sufficient to produce the superharmonic signal from microbubbles [20] . The transmitting sensitivity was 8.2 kPa/V (peak negative pressure). −6-dB beam widths in the lateral direction were 2.55 mm at 4 MHz and 1.20 mm at 20 MHz at a depth of 10 mm (Fig. 4) .
C. Phantom Imaging
Dual-frequency images acquired in the tissue-mimicking phantom with 1.0-and 4.0-mm diameter channels before and after contrast agent injection are shown in Fig. 5 . In acquired images, channel diameters in this phantom measured 4.11 ± 0.22 mm and 1.13 ± 0.06 mm. Images from the second tissuemimicking phantom with varying channel depths are shown in Fig. 6 . Measured CTR in this phantom was 21.6 ± 4.0 dB at 10 mm, 13.7 ± 2.2 dB at 15 mm, 12.3 ± 2.5 dB at 20 mm, and 11.38 ± 1.8 dB at 25 mm (Fig. 7) . In imaging ex vivo porcine arteries, the three layer structure of the arterial wall is visible in B-mode, and the microbubbles are visible in the tube 5 mm beyond the vessel wall (Fig. 8) . In a second acquisition of a different arterial section, a bifurcation can be seen in the B-mode image (Fig. 9) .
D. In Vivo Imaging
Using the computer-controlled motion stage to translate the prototype transducer, images of several vessels with con- (Fig. 6 ) using the prototype transducer for dual-frequency contrast-specific imaging. trast agent were acquired at depths reaching nearly 40 mm. However, the imaging field of view is small (5 mm × 5 mm × 40 mm) with this approach and ∼4 min are required to acquire this data set. The correspondence between the imaging volume acquired using the prototype endoscopic transducer and the volume acquired with the larger transducer can be seen in Fig. 10 . Note that vessels are visible at a depth of nearly 40 mm in Fig. 10(A) .
IV. DISCUSSION
A. Future Design Improvements
In addition to mounting the transducer on a rotational catheter to enable minimally invasive in vivo imaging, there are several additional improvements to transducer design which could improve performance. First, for endoscopic imaging from only the large vessels, a larger transducer could be used. The increased aperture size would lead to improved resolution, and the increased active area would increase sensitivity; however, a second device would be required for minimally invasive imaging or biopsy guidance. In this case, if a second transducer were to be developed for transhepatic access alone, a transducer having a smaller dimension in the elevation direction would be preferable in order to improve the ability to traverse tortuous arteries having small diameters, though this reduction in the active area of the transmit element would make it more difficult to achieve the necessary peak acoustic pressures. This potential loss of transmit pressure could be compensated by improving electrical matching of the transmit element to the system or using a higher efficiency piezoelectric material, such as PMN-PT single crystals.
The transducer presented in this paper has sufficient sensitivity and resolution for superharmonic contrast imaging of vessels of interest (e.g., infiltrating vessels of the superior mesenteric vein, portal vein and their branches). However, its clinical utility might be improved by increasing spatial resolution in order to resolve small vessels in the region between tumor and normal tissue. Previous studies using X-ray microCT in a rodent model indicate that pancreatic tumors have a sparse, irregular vessel network, while the region between the normal pancreas and the tumor has dense microvasculature [66] . In particular, higher resolution may improve the ability to definitively image invasive tumors and avoid unnecessary surgeries. There are several potential strategies for increasing spatial resolution, including the aforementioned increase in aperture size. The simplest approach is to increase the frequency of the receiving element, although this would also yield a reduction in CTR [16] . Decreases in CTR could be offset by improving acoustic matching to tissue via additional matching layers. Alternatively, we have also recently presented a new signal processing strategy for increasing spatial resolution by ∼30% in rotational ultrasound imaging [67] . In addition, fabricating a dual-frequency endoscopic array rather than a radial endoscope could enable imaging of microbubble dynamics and improve depth of field while also yielding higher resolution throughout a larger imaging field of view, though it would come at increased fabrication cost.
B. Benefit for Clinical Staging of Pancreatic Disease
Because endoscopic ultrasound is already used clinically for pancreatic imaging via both esophageal [6] and minimally invasive transhepatic approaches [3] , [7] , the only logistical change to the existing clinical procedure would be placement of an intravenous line followed by bolus injection of microbubble contrast agent. Cost and accessibility of the new devices that enable the type of contrast imaging shown in this paper represent additional obstacles to adoption. The additional fabrication costs associated with a dual-frequency radial endoscope lie primarily in the acoustic stack, as the catheter assembly and receiving electronics are similar to those in existing endoscopes. Contrast mode imaging as presented in this paper enables several additional capabilities, including the ability to acquire biopsy samples from the vessel wall while in contrast mode and excellent arterial imaging due to rapid microbubble reperfusion in large arteries (B-mode endoscopic ultrasound struggles with arterial imaging [6] ). Thus this type of transducer has greater diagnostic function than current endoscopes, which typically utilize a single low frequency (≤ 12 MHz), and may also help reduce the number of return visits arising from inadequate biopsy sampling, an important cost-saving consideration given that diagnosing pancreatic cancer can require 3 months and the misdiagnosis rate is 31% [68] .
V. CONCLUSION We have demonstrated the feasibility of a prototype dualfrequency (4/20 MHz) endoscopic transducer for both conventional (20-MHz B-mode) and superharmonic (4/20 MHz) imaging in a tissue-mimicking phantom and in ex vivo arteries. The lower frequency design of this transducer relative to dual-frequency IVUS transducers (6.5/30 MHz) [35] enables higher CTR and greater depth of penetration at the cost of resolution. However, resolution is sufficient for the task of visualizing the continuity of healthy and tumor vasculature at depths of 1-3 cm.
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